Inflow effects on activation-related BOLD signal changes in event-related fMRI experiments were assessed by varying the repetition time (TR) and flip angle (FA) values for gradient-echo echo-planar imaging (GE-EPI). Surprisingly, both increases and decreases were detected in these signal changes with increased T 1 weighting (reduced TR, increased FA). The well-known "positive" effect is attributed to inflow of fresh spins in the slice, leading to an apparent reduction in T 1 . The "negative" effect is attributed to voxels containing pure parenchyma, where large-vessel inflow effects are very small and the BOLD effect is dominated by microvascular blood volume and oxygenation changes. Because blood T 1 is greater than tissue T 1 at 1.5 T, the fractional BOLD effect decreases with increased T 1 weighting. To aid in the interpretation of these experimental results, numerical simulations were performed based on a physiological multicompartment model, including pure tissue, large vessels (arteries, veins), microvessels (arterioles, capillaries, venules), and cerebrospinal fluid. © 2002 Elsevier Science (USA)
INTRODUCTION
Since the early nineties, functional magnetic resonance imaging (fMRI) has been applied as a useful tool for functional brain mapping (Bandettini et al., 1992; Kwong et al., 1992; Ogawa et al., 1992) . fMRI is based on the measurement of a hemodynamic epiphenomenon related to brain electrical activation, called blood oxygen level-dependent (BOLD) contrast (Ogawa et al., 1993) , in which T* 2 of the blood and surrounding tissue changes as a function of the concentration of paramagnetic deoxyhemoglobin in the voxel. Accompanying these T* 2 increases during activation, apparent changes in T 1 are often observed, related to an increase in blood flow velocity in larger vessels close to the site of activation. This so-called inflow effect (Duyn et al., 1994; Kwong et al., 1992) is caused by fresh spins flowing from outside the slice into the voxel, thereby replacing the saturated spins and causing a faster recovery of the longitudinal magnetization. As a consequence, care has to be taken to quantitatively interpret signals reflecting regional neuronal activity because the relative contributions of pure BOLD and inflow effects will depend on the flip angle (FA) and repetition time (TR) of the MR protocol. When using conventional radiofrequency (RF)-spoiled gradient-echo (also called FLASH) imaging (Frahm et al., 1994; Ogawa et al., 1992 Ogawa et al., , 1993 ) at 1.5 T, 60 -70% of the fMRI signal may originate from inflow effects due to large vessels when using TR ϭ 85 ms and FA ϭ 40° (Duyn et al., 1994; Frahm et al., 1992) . Recently, as high-performance gradient coils have become accessible, most researchers are using echo planar imaging (EPI) for fMRI (Hoogenraad et al., 2001; Howseman et al., 1999; Schulte et al., 2001) . Contrary to FLASH, it is not necessary to use a short TR for EPI experiments, because image data are acquired with a single excitation. However, EPI measurements are also susceptible to inflow effects at TR values below about 1.5 s, which become especially apparent when applied in the so-called event-related mode, which often uses a relatively short TR (1 s or less). Several groups have reported the separation of inflow from BOLD with monoexponential fitting of the fMRI signals as a function of echo time (TE). Using either multishot (Bandettini et al., 1994) or single-shot multiecho techniques (Barth et al., 1999; Schulte et al., 2001) , T* 2 decay curves were fitted to an exponential function and the resulting parameter maps of I 0 and T* 2 were used to represent contributions of the inflow and BOLD effects, respectively. Disadvantages of this exponential fitting approach are that precise parameter estimation requires a high signal-to-noise ratio (SNR) (Pekar et al., 1992) and that the assumption of an "ideal" monoexponential decay implies a single-compartment signal source. The latter is not exact under most conditions, leading to possible systematic errors in the parameter map, as pointed out by Schulte et al. (2001) . An alternative way to assess inflow effects is by varying the imaging parameters TR and FA. For instance, during hypercapnia, the fractional BOLD signal change increases with decreased TR (Righini et al., 1995) for TR values of 1 s or less. In agreement with this, Howseman et al., (1999) found little difference in activation maps for a series of TR values above 1.5 s.
The purpose of this study was to study inflow effects in event-related fMRI by measuring fractional signal changes as a function of TR and FA. Unlike previous studies, the time courses were not averaged over all activated regions. Instead, activated voxels were studied individually and categorized into three distinct groups, corresponding to increased, equal, and decreased fractional signal changes. The reason for this approach is that different voxels may have different compositions in terms of blood vessels, tissue, and cerebrospinal fluid (CSF). To achieve higher statistical power, only voxels of similar composition should be averaged. To assist in the interpretation of the experimental results, a multicompartment physiological model including pure tissue, microvessels, large vessels, and CSF was developed.
MATERIALS AND METHODS

MRI Experiments
Data acquisition. Experiments were performed on a 1.5-T whole-body MR scanner (Philips Medical Systems, Best, The Netherlands) equipped with high-performance gradients (up to 22 mT/m). The quadrature body coil was used for RF transmission. A birdcage receive-only head coil was used for anatomical scans, while a circular surface coil placed underneath the head was used for all functional scans. In all studies, standard anatomical images were collected to locate the calcarine fissure. Subsequently, a single-slice T 1 -weighted image was acquired for anatomical reference of the functional data. The slices used for the studies were 5 mm in thickness. Single-slice functional scans using gradient-echo (GE) EPI were performed with TE ϭ 50 ms, field of view (FOV) ϭ 240 mm, matrix ϭ 64 ϫ 64. For one group of subjects (n ϭ 5), two different repetition times (TR ϭ 500 ms and TR ϭ 3000 ms) were used in two different scans with a fixed flip angle of 90°. For another group of subjects (n ϭ 6), two different flip angles (FA ϭ 20°and FA ϭ 90°) were used in two different scans with a fixed TR of 500 ms.
All subjects (mean age ϭ 27, range ϭ 23-30) gave written informed consent before participating in the study. The head was immobilized with special foam padding to prevent motion. For the functional experiments, scans consisted of three trials (TR ϭ 500 ms, FA ϭ 90°), six trials (TR ϭ 500 ms, FA ϭ 20°), and nine trials (TR ϭ 3000 ms, FA ϭ 90°). The numbers of trials for small flip angle scans were chosen to be larger to compensate for the smaller signal-to-noise ratio per acquisition. For TR ϭ 3000 ms, the number of trials was large because of its low sampling rate (see Data Analysis). Each trial consisted of 2 s of blue-yellow flashing checkerboard (frequency ϭ 8 Hz, visual angle ϭ 25°) visual stimulus backprojected on a translucent screen using a LCD projector (Epson America, Long Beach, CA) followed by 45-58 s of baseline during which the subjects were instructed to fixate their attention on a cross-sign in the center of the screen. In each scan, a delay of at least 45 s was used before the first trial to allow the subjects to get used to the scanner noise and thereby reach a hemodynamic steady state for the baseline.
Data analysis. Images were realigned using the Automated Image Registration (AIR) algorithm (Woods et al., 1998) . For each voxel in the functional scans, the time course was corrected for any linear baseline drift. Different scans have different sampling rates (e.g., 2 samples/s when TR ϭ 500 ms, 0.33 sample/s when TR ϭ 3000 ms). To compare the voxel time courses between two scans, we preprocessed the functional data so that the effective sampling rates of all the scans are the same, namely, 1 sample/s. For the short-TR (500 ms) scans, every two consecutive samples in the time course were averaged to give an effective sampling rate of 1 sample/s. For the long-TR (3000 ms) scans, the trial period was set such that consecutive trials were sampled at shifted time points with respect to the stimulus onset time (Yang et al., 2000) . During data analysis, the sampled points were rearranged to give an effective sampling rate of 1 sample/s. Then, the multiple trials in one scan were averaged to produce the event-related time course. No other spatial or temporal filtering was performed. To determine the fractional signal changes, the signal time courses were normalized with respect to the resting state signal.
For the detection of activated voxels, two criteria had to be satisfied. First, a one-sided t test was performed (P Ͻ 0.01) between the five samples at the positive peak (see Fig. 2 for time-course examples) and the five samples at the end of the positive hump (Janz et al., 2000) . The timings of the positive peaks were identified by visual inspection of the time course, and poststimulus undershoots were often seen at the end of the positive hump. As the second criterion, it was required that the fluctuation of the resting state signal should be less than 1% because our fMRI signal changes are only around 1% in amplitude. The detection algorithm was applied on each individual scan. Voxels that were activated in at least one of the two scans were further analyzed. For each of the activated voxels, two time courses (geometric vectors) were compared to determine any significant differences. The time-course difference ⌬ was calculated from
in which A and B represent the normalized time courses from scans A and B, respectively. Based on ⌬, two variables were defined, namely, the subsample acquired between 2 and 14 s after the stimulus onset in the time course difference (), and the subsample acquired at least 20 s after the stimulus onset (). Based on the shape of the hemodynamic response (see Fig. 2 for examples), is expected to contain most of the difference information of the two time courses, while provides a good estimation of the noise level. A t statistic can be constructed for hypothesis testing, where
is distributed according to the t distribution with (N Ϫ 1) degrees of freedom, N and N are the number of samples in and , respectively. Two-sided t tests (P Ͻ 0.01) were performed and the activated voxels were categorized into three groups. Category 1 (positive effect) contains voxels with increased signal changes in the strongly T 1 -weighted (short-TR/large-FA) scans. Category 2 (negative effect) is for signal changes that are smaller in the strongly T 1 -weighted scans. Category 3 (zero effect) contains voxels for which no significant difference in signal change was detected between the two scans.
Simulations
Multicompartment modeling. The normalized fMRI signal intensity in the voxel can be expressed as a summation of signal contributions from parenchyma (pure tissue plus microvessels, i.e., size about 200 m or less), some larger vessels, and CSF. The effect of larger vessels (arteries, veins) and CSF enters into the calculations through partial voluming with the parenchyma. Thus, we have the total signal
in which the fractional sum over the voxel components, x par ϩ x vein ϩ x artery ϩ x CSF ϭ 1. In a typical gradient echo experiment, the large-vessel and CSF signal contributions can be written as (Wehrli, 1990 )
For the parenchyma we have four contributions (k ϭ tissue, arteriole, capillary, venule):
As always, the fractional sum ¥ k x k ϭ 1. Care has to be taken in evaluating the fraction x k , because this should be a water volume fraction for MR and not a tissue volume fraction. Thus, the water contents (C) of gray matter and blood should first be calculated in units of ml water/ml tissue. Using the fact that 1 g water is 1 ml, C is related to the density d (g tissue/ml tissue) and the water content w (g water/g tissue) via
ϭ 0.89 (ml water/ml gray matter) , (5a) C blood ϭ Hct ⅐ d ery ⅐ w ery ϩ ͑1 Ϫ Hct͒d plas ⅐ w plas ϭ 0.95 Ϫ 0.22 Hct (ml water/ml blood) .
(5b)
The latter equation is based on data of Tagaki et al. (1981) , Herscovitch and Raichle (1985) , and references therein: d ery ϭ 1.10 g/ml, d plas ϭ 1.03 g/ml, w ery ϭ 0.66 g/g, and w plas ϭ 0.92 g/g. The water fractions for the pure tissue and the microvascular compartments are
in which i relates to arterioles, capillaries, or venules, and in which it is assumed that the total water content of gray matter as reported in the literature (Takagi et al., 1981) includes the microvascular cerebral blood volume, CBV. Physiological parameters and MRI constants. We employ the parenchymal model outlined previously (Sharan et al., 1989; van Zijl et al., 1998) Combined activation map overlaid on an EPI image. Voxels detected to be activated in at least one of two scans (TR ϭ 500 ms and TR ϭ 3000 ms) are shown in color. Red and green voxels indicate fractional signal changes that are respectively greater and smaller at TR ϭ 500 ms than at TR ϭ 3000 ms. Blue voxels indicate that the fractional signal changes show no significant difference as a function of TR. (c) Combined using Eq. (5b) to determine microvascular blood contents, it was taken into account that the microvascular Hct is approximately 85% of that for large vessels (Phelps et al., 1979) . The CBV values during baseline and functional activity were 0.047 and 0.059 ml blood/ml GM. The baseline CBV value was taken from Leenders et al. (1990) and the activation value was calculated from the cerebral blood flow change (CBF) corresponding to a typical oxygen extraction ratio change from 0.38 during baseline to 0.25 during activation (Oja et al., 1999) . When using a 5% change in oxygen metabolism (Fox and Raichle, 1986 ) this corresponds to an increase of 57.5% in CBF, from which CBV was calculated using the square-root dependence for cylinders (van Zijl et al., 1998) , which is within experimental error of the CBV/CBF data by Grubb et al. (1974) . When changing the blood volume, we assume that the total water content of the voxel does not change.
Using a perfusion phantom, we recently measured the effective transverse relaxation rates of blood as a function of oxygen saturation and Hct (Golay et al., 2001; Silvennoinen et al., 2002) . We took these values to estimate the intravascular contributions to the BOLD effect in vivo from the oxygenation fractions for the different vascular compartments. The venous oxygenation fractions for brain at baseline activity and during visual stimulation can be calculated from typical values for the oxygen extraction ratio (OER) using (Oja et al., 1999; van Zijl et al., 1998) , in which the subscripts "a" and "v" denote arterial and venous, respectively, and Y a was taken to be 0.98. For OER ϭ 0.38 and 0.25 at baseline and during activation, respectively, the corresponding oxygen saturation fractions are Y v ϭ 0.61 at baseline and Y v ϭ 0.73 during activation. The capillary oxygenation fraction is a function of position between the arterioles and venules, and, as an approximation, we assumed an exponential decay in oxygen saturation to determine average capillary oxygenation fractions Y c ϭ 0.78 and 0.85 during baseline and activation, respectively. To take into account that the microvascular Hct is approximately 85% of that for large vessels, we used linear extrapolation between the measured relaxation rates at normal and low Hct. The simulations used Hct ϭ 0.41 for the large vessels, leading to Hct ϭ 0.35 in the microvessels. The baseline blood longitudinal relaxation rate was also taken from the phantom study, which showed negligible oxygenation dependence over the oxygen saturation range of interest, in agreement with previous literature (Brooks and Di Chiro, 1987) . Fig. 1 ). The curve maxima at TR ϭ 500 ms and FA ϭ 90°(orange curves) are greater than those at TR ϭ 3000 ms and FA ϭ 20°(black curves), respectively, due to inflow of fresh spins. (b, e) Signal changes for category 2 voxels (green voxels in Fig. 1 ). The signal changes at TR ϭ 500 ms and FA ϭ 90°(orange curves) are smaller than those at TR ϭ 3000 ms and FA ϭ 20°(black curves), respectively, which is attributed to the reduced blood contribution to the fractional BOLD effect on increased T 1 weighting. (c, f) Signal changes for category 3 voxels (blue voxels in Fig. 1 ), for which no difference could be detected between time courses. Note that the size of the poststimulus undershoot is comparable among the three types of voxels.
The baseline parenchymal T 1 (Edelman et al., 1996) and T * 2 (Gati et al., 1997) values for gray matter were also taken from the literature. We assumed that the parenchymal and tissue T 1 values were the same. However, due to the presence of deoxygenated Hb, there is a substantial contribution of the blood vessels to the parenchymal T* 2 . Using Eq. (4b), we therefore calculated the actual pure tissue T * 2 by using the parenchymal T* 2 measured by Gati et al. (69.4 ms at 1.5 T) and the blood T* 2 values measured in the perfusion phantom (Table 1) (Silvennoinen et al., 2002) . The calculated T* 2,tissue was 67.8 ms.
Literature data (Hoogenraad et al., 2001; Popp Weingarten et al., 1998) indicate that the contribution of CSF to the activated voxels may be substantial. This is not unexpected in view of the proximity of gray matter and CSF. We therefore included a large partial volume contribution of CSF in our calculations (16%) (Hoogenraad et al., 2001) . T * 2,CSF was estimated from the literature value for T 2 (2000 ms) (Duck, 1990 ) and the experimental line broadening in our blood experiments (Table 1) , by adding the two relaxation rates (inverse of the relaxation times). CSF spaces can show BOLD extravascular effects. Such extravascular T* 2 effects are quite constant above vessels sizes of 10 m, and we therefore used the same effect size for extravascular parenchyma and CSF (Table 1) .
Numerical methods. The fractional signal change is defined by
in which S rest and S stim are the MR signals during the baseline state and stimulation, respectively. Voxel signal intensity changes were simulated for pure parenchyma (voxel category 2) and for voxels in which inflow was noted (category 1). This latter category therefore includes arteries and veins as well as CSF, which surrounds the large draining veins. The parameters used in the simulations are listed in Table 1 . To avoid the use of too many parameter adjustments in the simulations, we only adjusted T* 2,tissue during activation for voxel category 2. This parameter cannot be readily measured in experiments, because the contributions of the microvessels are always included. However, the present simulations provide a good impression of this tissue value, as it influences the final magnitude of the BOLD signal change under these different relaxation conditions in the present experiments. The resulting T* 2,tissue value was subsequently used for simulating voxel category 1 results, where the large vessel apparent T 1 numbers and fractional contributions were var- Edelman et al. (1996) . c As determined from adjustments in the simulations. d Determined from phantom study. e Duck (1990) . f Determined from parenchymal data of Gati et al. (1997) , as described under Materials and Methods. g Data from Silvennoinen et al. (2002) . h Determined from 1/T 2 and experimental line broading in our blood experiments. i Taken to be the same 1/T * 2 change as extravascular effect for tissue, independent of vessel size. j Determined from CBV (Leenders et al., 1990) and microvessel distribution (Sharan et al., 1989; van Zijl et al., 1998) for gray matter (see Materials and Methods).
k From parenchymal CBV changes calculated during visual activation (see Materials and Methods). l Assuming 2% partial voluming with large veins and 0.8% with large arteries; large vessels are assumed not to change in size during activation.
m Assuming 16% partial voluming with CSF during baseline and activation (Hoogenraad et al., 2001 ).
ied to obtain agreement with the data. Note that, although T 1,a and T 1,v are actually the same in the large vessels and the small vessels (1400 ms), we change them in the large-vessel simulations to account for the inflow effect change, which can be described as an apparent change in T 1 . When adjusting the partial volume fraction of the large vessels, we assumed the venous/arterial ratio to be comparable to that in the microvessels (46/21).
RESULTS
MRI Results
All subjects exhibited clear activation in each of the scans. Figure 1a shows a standard T 1 -weighted image (matrix ϭ 256 ϫ 256) of a slice through the calcarine fissure. A combined activation map from data obtained at two different TR values (500 and 3000 ms, FA ϭ 90°) is overlaid on the EPI image in Fig. 1b . Voxels that were activated for at least one of the two TR values (shown in color) were sorted into three groups (see Materials and Methods): those with fractional signal changes that were significantly larger at TR ϭ 500 ms than at TR ϭ 3000 ms (category 1, red); those for which fMRI signal changes were significantly larger at TR ϭ 3000 ms than at TR ϭ 500 ms (category 2, green); those for which fractional signal changes showed no significant difference between the two TR values (category 3, blue). Table 2 summarizes the results for all subjects. Figures 2a-2c show the activation time courses for these three categories as obtained by averaging over all subjects (n ϭ 5) in the TR-variation experiments. Signal changes as a function of time poststimulation for category 1 voxels (Fig. 2a) contain both BOLD and inflow effects. From the averaged time course, it can be seen that the inflow effect is present from about 2 to 16 s after stimulus onset. This is consistent with a previously reported measurement of venous blood velocity changes obtained using laser-Doppler flowmetry (Mandeville et al., 1999) . Assuming approximately pure BOLD at TR ϭ 3000 ms, it can be judged that about 50% of the signal change at the peak of the event-related time course is contributed by inflow. Interestingly, in the green voxel group (category 2), the signal change at TR ϭ 500 ms is significantly smaller than that at TR ϭ 3000 ms (Fig. 2b) . We attribute this to the fact that the BOLD signal increase in these voxels is determined by the microvascular blood volume and blood oxygenation changes. The blood volume and oxygenation changes obviously do not differ as a function of TR and flip angle, but the relative blood signal increase decreases because of the fact that it is normalized with respect to the total parenchymal signal in the voxel (see Simulations and Discussion).
A combined activation map from data obtained at two different FA values (20°and 90°, TR ϭ 500 ms) is shown in Fig. 1c . The average over the hemodynamic time courses of all subjects in the FA-variation group (n ϭ 6) is plotted in Figs. 2d, 2e , and 2f for the red (category 1), green (category 2), and blue (category 3) voxels, respectively. The maximal signal change in the category 1 time courses is greater at FA ϭ 90°than at FA ϭ 20°, while the inverse is true for category 2. These two groups again contrast the effects of inflow and blood volume increases. The results from all subjects are summarized in Table 2 . On average 22% of the activated voxels in the FA experiments showed significant inflow effect in the fMRI signal, which was somewhat greater than the percentage in the TR-variation experiments.
The TR-variation experiments and the FA-variation experiments were conducted separetely due to the duration of the experiments. However, in several cases, the TR-variation and FA-variation experiments were performed using the same slice location for the same subject, to verify that varying TR or FA has similar effects on the fMRI signal (e.g., Fig. 1 ). When comparing the activation maps in Figs. 1b and 1c for one of these volunteers, we found that the colors of the activated voxels were highly overlapped. For instance, 64% of the red voxels in Fig. 1b are also red-colored in Fig.  1c . The color discrepancy in the remaining voxels may be due to the low contrast-to-noise ratio. There are fewer red voxels in the TR-variation case, which may potentially be attributed to some residual inflow effect at TR ϭ 3000 and FA ϭ 90°.
To obtain an impression of the influence of inflow contributions in the more common multislice fMRI experiments, such experiments were performed on one subject. Flip angles were varied (FA ϭ 90°and FA ϭ 20°) in two multislice (9 slices) scans. The slices were acquired from inferior to superior in an interleaved order. Three slices in the center, covering primary visual cortex, were used for further analysis of inflow effects. Clear activations were produced by visual stimuli. Among the activated voxels, 26% showed significant inflow effects (category 1) and 7% showed the effect of regional blood volume increases (category 2), Note. Category 1: short-TR/large-flip-angle scan has larger fractional signal change. Category 2: long-TR/small-flip-angle scan has larger fractional signal change. Category 3: no significant difference in signal change between the two scans.
which are close to the values of single-slice cases. So the inflow effect contributions are less likely to be affected by slice number choice, which agrees well with previous studies of slice order dependence of fMRI activation (Howseman et al., 1999) .
Simulations
To better understand the effects of varying the T 1 weighting, signals for two types of voxels were simulated: one with pure parenchyma and the other with parenchyma and partial voluming by large vessels (veins and arteries) and CSF (see Table 1 ). Although it is possible that changes in velocity in arterioles also could cause inflow, we neglected this based on the assumption that the majority of the arteriolar blood remains within the slice during the experiment. It was assumed that voxels with arteries and veins would cause inflow effects, which were simulated by choosing the partial-volume fraction and adjusting the apparent T 1 for the large vessels. These inflow simulations showed large signal increases on reducing TR or increasing FA and were therefore optimized by comparison with the data for voxel category 1 in the experimental results. On the other hand, voxels showing a reduction in BOLD effect on reducing TR or increasing the flip angle were simulated using parenchyma only. The simulated BOLD effects for these category 2 voxels were optimized by varying the T* 2 change during activation as the only parameter. No other parameters in Table 1 were varied. In Fig. 3a the fractional signal change is plotted as a function of TR at TE ϭ 50 ms and ␣ ϭ 90°for the two voxel categories. As TR increases, the fMRI signal change decreases in the voxel with inflow effect and increases in the voxel without inflow effect. When TR becomes large enough, the signal changes reach a constant value. The absolute magnitude of the BOLD effects at this long TR in voxel category 2 could be simulated appropriately by increas- ing the value for T* 2 during activation with 0.3 ms with respect to baseline.
Since TR affects mainly the T 1 weighting, the divergence of the curves at short TR is due to different T 1 weighting of the involved compartments. For voxels with inflow effect, the increased signal change at short TR is caused by increased large-vessel blood velocity during stimulation (Duyn et al., 1994; Hoogenraad et al., 1998) , the so-called "positive" inflow effect. When starting the simulations, we first used a large-vessel T 1 of 1400 ms. To explain the inflow effect, a reduction to T 1 ϭ 900 ms during activation was needed, leading to a difference of about 60% in BOLD change between the two types of voxels at TR ϭ 3000. However, the experimental results showed comparable BOLD changes for the two voxel types at this TR value (Figs. 2a-2c) . BOLD changes within experimental agreement of the measured data could be calculated by reducing the apparent large-vessel T 1 (arteries and veins assumed equal) to 600 ms and the activated one to 450 ms (Table  1) . This is not unreasonable in view of the rapid flows in the large vessels, which should also reduce the apparent T 1 at baseline. The results in Fig. 3a show excellent agreement with the experimental data for the measurements in which TR was varied.
When using the determined parameters of the TR simulations for the FA simulations (Fig. 3b) , the correct absolute values are found for voxels with and without inflow at large flip angle. In addition, the correct trends are found on reducing the FA, namely, an increase in BOLD effect for voxels without inflow and a decrease for voxels with inflow. Regretfully, the values at low FA were not in exact correspondence with the measured values for the voxels without inflow. It was not possible to improve the matching for low FA without changing the other results in a way that was incompatible with the experimental data. In addition, changes in T* 2 during activation did not lead to combined improvement for the FA data with and without T 1 weighting, but only for one or the other, thereby reducing the agreement for the other.
DISCUSSION
Depending on the voxel composition, three patterns of fMRI signal changes were detected, namely, increased, decreased, and unchanged BOLD effect with increased T 1 weighting. Signal trends in voxels with increased (category 1) or decreased (category 2) BOLD effect could be well described by our multicompartment model (Fig. 3) . Fractional BOLD signal changes increase with increased T 1 weighting of the imaging sequence (decreased TR or increased FA) when significant large-vessel inflow effect is present in the voxel. The opposite trend was observed in voxel category 2. To our best knowledge, no one has reported a decreased fractional signal with increased T 1 weighting. Our capability to observe this is due to the fact that we categorized the activated voxels into three distinct groups, instead of treating all the activated voxels as one group, as done in previous studies (Duyn et al., 1994; Howseman et al., 1999; Righini et al., 1995) . The rationale is that different voxels may have different physiological changes on neuronal activation and the signal changes may be caused by different mechanisms. Thus, only voxels that have similar physiological mechanisms should be averaged to achieve a higher statistical power.
To better understand the fractional BOLD signal changes in the parenchyma without and with partial voluming of large vessels and CSF, the calculated effects were decomposed into contributions from the seven sources (pure tissue, arteries, arterioles, capillaries, venules, veins, and CSF) in our model. The resulting plots in Fig. 4 show several interesting patterns. First, the overall tissue effect is negative for all categories. Although this seems surprising at first, it is important not to confuse this negative effect with a reduction in T* 2 . As can be seen in Table 1 , the extravascular pure-tissue BOLD effect indeed leads to an increase in T* 2 by 0.3 ms (0.44%), as well predicted by theory (Ogawa et al., 1993; Yablonskiy and Haacke, 1994) . The reason that the overall pure-tissue effect is negative is due to the assumption of constant totalwater content in the voxel. As a consequence, an increase in cerebral blood volume (CBV) leads to a reduction in the water fraction for the pure tissue (see Table   FIG . 5. Sum of event-related hemodynamic responses over all activated voxels during strong (orange) and weak (black) T 1 weighting. (a) Long TR (3000 ms, black) and short TR (500 ms, orange); (b) high FA (90°, orange) and low FA (20°, black) . No effects of differences in T 1 weighting as a function of TR and FA are apparent when summing all voxels. 1). When the extravascular BOLD effect is very small, which is the case at low field, such a reduction in tissue fraction will actually cause the total tissue effect to be slightly negative (Fig. 4) . The assumption of a constant water content in the voxel is contrary to our previous simulations in which tissue water remained constant and a CBV increased added additional water to the voxel (Ulatowski et al., 1996; van Zijl et al., 1998) . However, according to our present simulations, the fractional signal change would have been much higher if the water proton density would have increased after activation. Another observation that supports the hypothesis of constant water content is the occurrence of a postactivation undershoot for all voxels. When the flow has recovered to normal at several seconds postactivation and the blood vessel volume has not yet, the negative tissue effect will lead to a postactivation undershoot, in agreement with several other studies (Buxton et al., 1998; Mandeville et al., 1999) . Based on the simulation in Fig. 4 , this undershoot should be found in all voxels, with and without inflow, as confirmed by our experimental data.
During activation, the pure-tissue fractional signal change is negative because the loss of spins to blood compartments overcompensates the actual increase in T * 2 due to the extravascular BOLD effect. However, the fractional BOLD signal increase in the blood compartments is larger than the signal reduction in the pure tissue so that the overall signal intensity still increases at this field strength (Fig. 4) . The fractional tissue contributions to the total fMRI signal change are roughly the same with and without T 1 weighting, because the fractional signal change is normalized with respect to the total signal, which consists predominantly of tissue. The large-vessel contributions increase significantly with shorter TR and larger FA, because of the increased inflow of fresh signal. The "negative" effect (reduction in fractional BOLD change) is a simple T 1 effect. The BOLD effect in the category 2 voxels (pure parenchyma) is dominated by microvascular blood volume and oxygenation changes. These physiological effects will not change as a function of MRI parameters. However, what we measure is the fractional BOLD increase with respect to the total voxel signal intensity. The BOLD signal increase due to the microvascular blood is weighted by blood relaxation rates, while the voxel intensity is weighted predominantly by tissue relaxation rates. Because blood T 1 is greater than tissue T 1 at 1.5 T, the fractional BOLD effect decreases with increased T 1 weighting in voxels containing pure parenchyma.
Recent literature data have suggested that there may be a substantial BOLD contribution from the CSF (Hoogenraad et al., 2001; Popp Weingarten et al., 1998) . However, our simulations, using the same extravascular BOLD change in 1/T* 2 for tissue and CSF, do not support this. Although the BOLD signal change contribution from CSF does decrease by as much as 44% (from 0.045 to 0.026%) on reducing TR from 3000 to 500 ms, this is only a small fraction of the overall fractional signal change. Thus, this CSF BOLD reduction cannot be responsible for the large signal reduction found in the category 2 voxel type. This can be understood in terms of the long T 1 and T * 2 values for CSF, which renders our pulse sequence insensitive to T* 2 changes at a TE of 50 ms. One reason for the discrepancy with the data of Popp Weingarten et al. may be that the T 1 values that they used to calculate the nulling times for CSF and blood were too small. As indicated by Popp Weingarten et al in their work, longer T 1 values would drastically change their results, as indicated also by our simulations.
Voxel category 3 showed the same BOLD effects at long and short TR and high and low flip angle. In principle, an activated voxel should belong to either category 1 or category 2, namely, with or without inflow effect, respectively. Our interpretation of the existence of many voxels in category 3 is that they are probably a combination of categories 1 and 2 in which partial voluming with large vessels is not sufficient to show a large positive effect, but large enough to undo the negative effect. When studies are performed in which the hemodynamic time courses of all activated voxels are added up, a similar result can be seen (Fig.  5) . The finding of a negligible change between different TR values and FA values when combining all activated voxels may lead to a false security that TR can be reduced without changing the BOLD effect. The data in Fig. 2 show that such a conclusion, based on grouping voxels obtained using low-resolution imaging, cannot be made.
Previous studies on blood volume contributions to fMRI signal changes have focused mainly on the BOLD effect (van Zijl et al., 1998; Yablonskiy and Haacke, 1994) , which relates to transverse relaxation. At higher fields, where the transverse relaxation rate of blood is shorter than that for tissue, increased blood volume has been shown to cause faster extravascular signal decay as a function of TE even if the blood oxygenation does not change. This effect is related to changes in T * 2 . In this article, we detected another fMRI blood volume contribution, which is T 1 -related and sensitive to TR and FA of the imaging sequence. Since tissue generally has a shorter T 1 than blood, activation-induced blood volume increases will decrease the recovery efficiency of longitudinal magnetization of parenchymal signal. The blood volume change occurs mainly in microvessels (Kuschinsky, 1996) .
Technical Considerations
In this study, the voxels considered were those that were activated in at least one of the two scans. An alternative voxel choice is to use only voxels that were detected to be activated in both of the two scans. However, had that selecting method been done, we would have excluded many voxels whose signal changes were dominated by inflow contributions. These voxels will show activation in short-TR/large-FA scans due to inflow effect, but not detected in long-TR/small-FA scans because the BOLD effect may not be significant enough to cross the statistical threshold. In the model simulations, the signal change patterns of two types of voxels were studied. The parameter values used in the simulation were obtained from published literature (Duck, 1990; Edelman et al., 1996; Gati et al., 1997; Herscovitch and Raichle, 1985; Hoogenraad et al., 2001; Steen et al., 1994; van Zijl et al., 1998) Using slightly different parameter values will generate plots that differ in absolute amplitude. But the trends would be similar to those depicted in Figs 3 and 4.
About 10 -30% of the activated voxels show inflow effect at TR ϭ 500 ms, FA ϭ 90°in a single-slice GE-EPI experiment. Inflow effect is caused by the flow of unsaturated spin into the observed plane, resulting in an efficient longitudinal magnetization recovery in large vessels (Duyn et al., 1996) . However, in some cases, voxels with large vessels may not show obvious inflow effects because the vessels are parallel to the acquisition plane and the flowing spins are already saturated. Therefore, it is the velocity component perpendicular to the slice plane that determines the amplitude of the inflow effect. Thus, one possible cause of the variation in voxel percentage for the different categories among subjects ( Table 2 ) will be that the angles between calcarine fissures and large vessels may vary among subjects.
Optimal TR and FA Values
Optimal TR and FA values for event-related fMRI experiments are a topic of recent interest (Constable and Spencer, 2001) , because of the possibility of maximizing contrast-to-noise ratio (CNR) at high temporal resolution. CNR is given by:
in which is the noise standard deviation, assumed to be constant. Thus, the task becomes to maximize S stim Ϫ S rest . Different voxels have different MRI parameters and thus different optimal TR and FA values. Since voxels with inflow effect account for only a small percentage (10 -30%) of the total activated voxels and large vessel inflow is poorly localized to the region of neuronal activity, we focus our discussion of optimal TR and FA on voxels without inflow. Numerical simulation was performed based on the multicompartment model. When TE and TR are fixed to constant values, the optimal FAs are calculated to be 7-14°below the well-known Ernst angles (Table 3) . When TR and FA are both variable, the criterion becomes to maximize CNR/TR because TR will affect the number of images obtained for a given scanning time. We found that the maximum occurred at the shortest TR and its corresponding optimal FA. In our simulations, the TR range used was 500 -3000 ms. So TR and FA of 500 ms and 40°, respectively, give maximal CNR/TR for the chosen set of physical values in our model. This result is consistent with previous reported experimental data from Constable and Spencer (2001) . As a final note, we point out that, in our calculations, it is inherently assumed that the noise in our data is white Gaussian. However, fMRI data may also contain correlated noise. When analyzing their data for such correlated noise, Constable and Spencer found good agreement with their predictions based on white Gaussian noise. We therefore believe that our predictions are valuable for the fMRI investigators.
CONCLUSIONS
The repetition time and flip angle dependencies of BOLD fMRI signal changes were studied using both event-related experiments and numerical simulation. Fractional changes in BOLD signal for strongly and weakly T 1 -weighted sequences were compared by varying TR and FA. The activated voxels were categorized into three distinct groups, namely, voxels with "increased," "decreased," and unchanged fractional BOLD effect. Simulations using a multicompartment hemodynamic model yielded predictions consistent with the trends in the experimental data. The "positive" inflow effect occurs in voxels contaminated with large vessels and is due to increased blood flow in large vessels. The "negative" effect on the fractional BOLD signal increase occurs in voxels containing predominantly parenchymal signals and is caused by the difference between tissue T 1 and blood T 1 , leading to more T 1 losses in blood than in tissue (Fig. 4) . The experimental results show that about 16% of the activated voxels con- tain very significant inflow contributions at TR ϭ 500 ms and FA ϭ 90°. In those voxels, more than 50% of the total BOLD signal increase can be due to inflow. On average, only 26% of the activated voxels showed significant contribution from T 1 -related blood signal losses. The remaining voxels showed no effects on T 1 weighting, which was interpreted in terms of partial voluming with large vessels that approximately compensates the parenchymal fractional losses. In summary, at the commonly used nominal resolution of 3.75 ϫ 3.75 ϫ 5 mm at 1.5 T, only about onequarter of the voxels in event-related fMRI related to the pure parenchymal effects that are of interest for the neuroscientists. Although CSF-related BOLD effects were calculated to be small, contamination by large feeding arteries and draining veins was predominant in the remaining voxels. On activation, such voxels will display inflow effects at short TR or large FA and care has to be taken in interpreting the magnitude of the fMRI effects. Even assigning the precise positional origin of underlying neuronal effects is complex, as the tendency for the BOLD effect is toward the large veins. However, when sufficient signal to noise is present, the shape of the individual voxel hemodynamic responses will provide clues about the origin of the effect at short TR and large FA (Fig. 2) . Improvement in parenchymal voxel localization should be expected when using increased resolution, which should be possible with the increased sensitivity at higher fields. Such improvement is not trivial, because extravascular effects are larger at higher field, leading to increased CSF and tissue BOLD effects around large vessels. However, the higher spatial resolution may allow exclusion of such voxels.
